Multiple ultrasound elastography techniques rely on acoustic radiation force (ARF) in monitoring high-intensity focused ultrasound (HIFU) therapy. However, ARF is dependent on tissue attenuation and sound speed, both of which are also known to change with temperature making the therapy monitoring more challenging. Furthermore, the viscoelastic properties of tissue are also temperature dependent, which affects the displacements induced by ARF.
Introduction
One of the main barriers for the wide spread use of high-intensity focused ultrasound (HIFU) has been the lack of robust, reliable and cost-efficient monitoring methods. Monitoring HIFU therapy requires real-time imaging which can provide feedback as to the state of the tissue either in the form of temperature data or by determining changes in the physical properties of tissue. Ultrasound can be used to provide temperature information, but this has been found to be accurate only at hyperthermic temperatures below 50
• C (Lewis et al., 2015) . In the case where lesions are echogenic, B-mode imaging can be used to monitor HIFU. However, in the absence of cavitation lesions are not always visible (Bush et al., 1993; Rabkin et al., 2005) .
One tissue property that has been shown to change significantly and irreversibly after thermal ablation is tissue stiffness (Wu et al., 2001; Sapinde Brosses et al., 2010) . The increase in stiffness has been shown to be reversible at temperatures below 60
• C (Wu et al., 2001) , and irreversible once temperatures exceed 60
• C due to collagen denaturation (Wu et al., 2001; Lepetit et al., 2000) . This suggests that measurements of stiffness can be used to distinguish thermally ablated tissue (Varghese et al., , 2003 .
Ultrasound elastography imaging is a non-invasive method for measuring mechanical properties of tissue (Palmeri and Nightingale, 2011; Gennisson et al., 2013) . It is a widely used medical imaging technique, which has several clinical applications (Cosgrove et al., 2013) . Ultrasound elastography can employ quasi-static approaches (Ophir et al., 1991) or create deformations through acoustic radiation force (ARF), for example, acoustic radiation force impulse (ARFI) imaging (Lizzi et al., 2003) , supersonic shear imaging (SSI) (Bercoff et al., 2004) and harmonic motion imaging (HMI) (Maleke and Konofagou, 2010) .
ARF results when propagating ultrasound waves transfer their momentum to the surrounding medium by the processes of absorption and reflection (Torr, 1984) . The magnitude of the force per unit volume F V (kg·s
is given by equation (Nyborg, 1965; Torr, 1984; Starritt et al., 1991) :
where α abs (Np·m −1 ) is the absorption of the medium, I TA (W·m −2 ) is the temporal average intensity of the ultrasound field at a given location and c (m·s −1 ) is the sound speed in the medium. The resulting deformation caused by ARF is described by (Callé et al., 2005) :
where u i (m) is the displacement in the direction of x i (m), ρ (kg·m −3 ) is the density, t (s) is time, T ij (Pa) is the stress tensor and F V i (kg·s −2 ·m −2 ) is the radiation force in the direction of x i . The temperature dependence of the deformation is affected by the changes in the sound speed, attenuation and elasticity, and therefore, extracting temperature from measured deformation is challenging.
The first aim of this study is to quantify the temperature dependence of acoustic and viscoelastic tissue parameters affecting ARF induced displacements. This is conducted by summarising the existing data on acoustic and elastic properties available in the literature. Furthermore, the temperature dependence of viscoelastic properties in ex vivo liver is experimentally measured and both conventional and fractional Zener model parameters are fit to the data. The second aim is to demonstrate how HMI can be used to monitor HIFU thermal ablation in ex vivo liver. Finally, the characteristics of the experimental HMI data are modelled by viscoelastic finite element method (FEM) simulations using temperature dependent acoustic and viscoelastic parameters.
Temperature dependence of acoustic properties in liver
According to (1) the magnitude of the ARF is directly dependent on absorption of tissue. However, in soft tissue absorption is the main factor contributing to attenuation (Lyons and Parker, 1988) and in calculating ARF the attenuation coefficient is employed.
Temperature dependence and the effect of thermal ablation on liver ultrasonic attenuation has been extensively studied by several authors (Bamber and Hill, 1979; Gammell et al., 1979; Bush et al., 1993; Damianou et al., 1997; Gertner et al., 1997; Techavipoo et al., 2002 Techavipoo et al., , 2004 Choi et al., 2011; Ghoshal et al., 2011; Zderic et al., 2004; Kemmerer and Oelze, 2012; Jackson et al., 2014) . show the effect of thermal ablation on the attenuation coefficient and the attenuation power law respectively. On average the attenuation coefficient increases by approximately 110% after thermal ablation which suggests more than a two-fold increase in ARF. The attenuation power law decreases by less than 0.3% on average. Liver Bamber and Hill (1979) , bovine Bush et al. (1993) , porcine Choi et al. (2011) , porcine Damianou et al. (1997) , dog Gammell et al. (1979) , hog Gammell et al. (1979) , human The magnitude of ARF is also affected by sound speed and its temperature dependence has been investigated (Bamber and Hill, 1979; Nasoni et al., 1979; Rajagopalan et al., 1979; Bronez et al., 1985; Sehgal et al., 1986; Bush et al., 1993; Techavipoo et al., 2002 Techavipoo et al., , 2004 Choi et al., 2011; Ghoshal et al., 2011; Jackson et al., 2014) . The published data on sound speed temperature dependence in liver is summarised in Figure 2(a) . In general the sound speed increases with a maximum occurring at temperature in the range 50-70
• C after which a decrease is seen. The reported data on the effect of thermal ablation on sound speed in liver is shown in Figure 2 (b) (Jackson et al., 2014; Choi et al., 2011; Bush et al., 1993; Techavipoo et al., 2004; Kemmerer and Oelze, 2012) . On average the effect post-ablation is small with an increase in sound speed of 0.4%. Liver Bamber and Hill (1979) , bovine Bamber and Hill (1979) , human Bronez et al. (1985) , bovine Bush et al. (1993) , porcine Temperature dependence of elastic properties in liver Sapin-de Brosses et al. (2010) studied the temperature dependence of shear modulus in ex vivo liver. They reported the shear modulus to be approximately constant up to 45
• C after which an exponential increase was measured with a maximum modulus of 50 kPa at the temperature of 67
• C (1250% increase). The stiffness changes at temperatures above 45
• C were found to be irreversible. This is due to protein denaturation and tissue necrosis forming a coagulated region which consequently leads to increase in stiffness (Lepetit et al., 2000; Wu et al., 2001; Sapin-de Brosses et al., 2010) .
These changes are present also at temperatures used in HIFU therapy and hence cause significant changes in the deformation measured by ultrasound elastography modalities. Figure 3 shows the experimental data of Young's modulus before and after thermal ablation (Bharat et al., 2005; Shi et al., 1999; Righetti et al., 1999) with irreversible changes varying from a four-fold to eight-fold increase. 
Temperature dependence of viscoelastic properties in liver
Typically tissue elastic modulus measurements are conducted using either stress relaxation or creep tests which quantify elastic parameters at slow rates of loading (i.e., several seconds). However, in ultrasound elastography modalities, such as ARFI and HMI, the tissue excitation periods are on the order of milliseconds or less in which case it is necessary to have experimental data over a wider time scale. This can be accomplished by dynamic mechanical analysis (DMA) which is able to characterise the viscoelastic behaviour of tissue in the frequency domain. In DMA the storage (elastic) and loss (viscous) modulus are measured over a range of frequencies. Kiss et al. (2004 Kiss et al. ( , 2009 ) used DMA to characterise the viscoelastic properties of thermally ablated lesions in ex vivo liver. It was found that the magnitude of the dynamic modulus increased with ablation temperature reaching a local maximum at around 70-75
• C. In another experiment the magnitude of dynamic modulus continuously increased up to the maximum measurement temperature at 90
The results suggest that the changes in the viscoelastic properties of liver will have a significant effect on the deformations in ultrasound elastography modalities which rely on short duration or frequency specific ultrasound exposures. The temperature dependence of dynamic modulus is yet to be studied which will be addressed in this article together with the fitting of conventional and fractional Zener models. Simpler Maxwell and Kelvin-Voigt models are often used in viscoelasticity studies, but they are lacking the ability to predict both creep-recovery and stress relaxation, and therefore, they are only valid for a very limited set of materials. Zener model (aka stan-dard linear solid model) is a three-parameter model capable of describing both of these general features of viscoelastic behaviour. Due to the significant changes in tissue viscoelasticity in thermal ablation, Zener model is considered more accurate in predicting this behaviour.
Materials and methods
Curve fitting to temperature dependent attenuation coefficient data
The acoustic property that showed the strongest temperature effect was the attenuation coefficient, with over a two-fold increase, and therefore a model for the temperature dependence was developed by curve fitting to the published data. The attenuation coefficient data from different authors was scattered. However, after normalising to the value at 37
• C the data was more consistent (see Figure 4 ). After normalisation a fourth order polynomial was fit to the data using a nonlinear least squares method. The fourth order polynomial function was chosen in order to catch the decreasing attenuation around 45
• C before the subsequent increase.
The function was fit over the temperature range 5-70
• C because of the large deviation in the attenuation coefficient values above 70
• C. The fourth order polynomial function is defined by the equation:
where T ( • C) is the temperature and p 0 -p 4 are the fitting parameters. The polynomial fit is presented in Figure 4 with the corresponding fitting parameters.
Measurement of dynamic modulus
The temperature dependent dynamic modulus of liver was measured us- The temperature of the chamber was then heated using the built-in heating system of the DMA to 35 ± 1
• C and kept isothermal for 5 minutes to stabilise the temperature of the liver sample. Once the temperature of the liver sample had stabilized, the frequency sweep was performed again. This process was then repeated by increasing the temperature of the sample by 15
• C steps until the final temperature of 80 ± 1 • C was reached. The whole measurement process was repeated for 5 different liver samples from different locations of the same liver.
Fitting dynamic modulus to fractional Zener model
The conventional Zener model of viscoelasticity consists of an elastic (spring) and viscous (damper) elements in series both of which are also parallel with another elastic element. In the fractional Zener model the integerorder time variables of stress and strain are replaced with fractional order variables which allows for more complex responses to be modelled.
In the frequency domain the dynamic modulus is defined by the equation:
where M S (Pa) is the storage modulus, M L (Pa) is the loss modulus, ω (rad·s −1 ) is the angular frequency and i is the imaginary unit. In the Zener model the storage and loss moduli are defined in terms of a relaxation time τ (s), the spring constant M 0 (Pa) and the high-frequency limit of the storage modulus M ∞ (Pa) by the equations (Kohandel et al., 2005) :
where d = M ∞ /M 0 , ω n = ωτ is the normalised frequency, α = 1 for the conventional Zener model and 0 ≤ α ≤ 1 for the fractional Zener model.
Both conventional and fractional Zener models were used to derive temperature dependent viscoelastic parameters from the experimentally measured dynamic modulus data. The magnitude of the modulus was then averaged over the five samples resulting in one frequency dependent magnitude curve at each measurement temperature. Both the conventional and fractional models were then fit to the measured modulus amplitude using a nonlinear least squares method.
Thermal ablation monitoring using harmonic motion imaging
HMI is an ultrasound-based elasticity imaging technique (Maleke and Konofagou, 2010) , which uses focused, amplitude-modulated waveforms to create an oscillatory ARF (Suomi et al., 2015) . The oscillatory ARF makes the tissue vibrate at the same frequency (typically 50 Hz), which can then be recorded using a speckle-tracking technique. The advantage of HMI is that the amplitude-modulated ultrasound waveforms can also be used to ablate tissue simultaneously during speckle-tracking. This is achieved by using a separate imaging transducer whose centre frequency is different to that of the therapeutic transducer creating the oscillations and thermal ablation.
The ability to track displacements continuously (i.e., without sequencing) during HIFU treatment makes HMI a good candidate for real-time therapy monitoring.
The HMI system shown in Figure 5 was used to acquire real-time displacement data during thermal ablation in ex vivo canine liver. During the experiments the liver sample with a size of approximately 6 cm × 6 cm × 3 cm was placed in a degassed saline solution water bath in room temperature. The temperature acquisition during HIFU thermal ablation was conducted using a thermocouple placed in the middle of the liver sample. The focal point of the HIFU transducer was aligned with the thermocouple by performing raster scans in both axial and lateral planes.
The HIFU transducer was moved using a step size of 0.2 mm and at each location of the raster grid a short duration sonication (less than 2 seconds) was performed. The temperature rise due to the short duration sonication was then recorded using a thermometer (HH506RA, Omega Engineering Inc., Stamford, CT, USA) and the raster scans were continued in both planes until the location of the maximum temperature rise was found.
The experimental protocol consisted of multiple sonications in different locations of the liver sample. After the location of the thermocouple was properly aligned with the ultrasound focal point by raster scanning, a 60-second sonication with 7.5 MPa peak-positive pressure was performed using 50 Hz amplitude-modulation. Simultaneously the temperature in the focal point was recorded throughout the whole duration of the sonication and both the displacement and temperature data were saved for data analysis.
Once the sonication had finished, the thermocouple was moved to another location so that the lesion created by the previous sonication would not interfere and the whole process was repeated. In post-processing, the acquired peak-to-peak displacement data was normalised to 37 • C and averaged over 25 samples to suppress the high-frequency noise in the data. A total of 7 sonications were performed of which 4 sets exhibited cavitation which lead to unreliable estimate of the displacement as the cross-correlation algorithm was not able to perform. Therefore data on 3 sonications is reported here.
Thermal ablation simulation model
The simulations for viscoelastic behaviour of liver during HIFU therapy were conducted in two parts for each temperature step. First, acoustic simulations were conducted to solve the nonlinear ultrasound fields in tissue, from which the temperature field was determined using the bioheat transfer The simulations of the acoustic fields were conducted in Matlab R2015b
(MathWorks Inc, Natick, MA, USA) using a modified version of a HIFU simulator (Soneson, 2009 ) which solves the axisymmetric Khokhlov-ZabolotskayaKuznetsov (KZK) equation (Zabolotskaya and Khokhlov, 1969; Kuznetsov, 1971) in the frequency domain using 128 harmonics. The original code was modified to handle multiple tissue layers so that the geometry of the simulations corresponded a real therapeutic situation where the pathway from transducer to liver goes through the layers of water, skin, fat and muscle.
The acoustic simulation geometry is presented in Figure 6 (a). Typical values for density, sound speed, attenuation and B/A were used for each tissue type (see Table 1 ing to the size of the liver in the acoustic simulations (i.e., the calculated ARF field size). Furthermore, 5 mm infinite element layers on the outer edges were used in order to minimise reflections from the boundaries. The outer surface of the liver was constrained to reflect a situation where the liver is in a fixed position within the body. The mechanical properties of the liver were modelled as a linear, isotropic and viscoelastic solid using properties derived from measurements and are defined later in the results section. A free triangular mesh was utilised in the central area of the liver and a rectangular mesh in the infinite element layers. Using triangular elements for nearly incompressible materials can lead to problems with ill-conditioning, which was overcome by utilizing mixed formulation in Comsol. A convergence study was run before the actual simulations to determine the proper element size for the computation mesh.
Simulation execution
The ARF induced displacements were calculated for a 60-second sonica- 
Results

Temperature dependence of viscoelastic properties in liver
The experimentally measured magnitude of the dynamic modulus averaged over the five of samples is presented in Figure 7 over the frequency range Zener models the magnitude of the average modulus were fit by using a nonlinear least squares method. The viscoelastic fitting parameters are shown in Table 2 for both models. The frequency ranges for the fits were chosen to exclude the rapidly fluctuating or increasing magnitude values which the models cannot capture. The high stiffness below 0.3 Hz at 21
• C is most likely caused by low signal to noise ratio at these frequencies. At high frequencies (above 30-40 Hz), rapid fluctuations in the magnitude of dynamic modulus were observed at all temperatures. This behaviour was also noted by Kiss et al. (2004) who postulated them to be an electronic signal-to-noise ratio artefact in the force measurement. It is likely that at high frequencies the DMA system cannot distinguish between ambient system noise and the response due to the tissue. This effect can also be seen in Figure 8 where the phase is rapidly fluctuating to due to the presence of experimental artefacts at high frequencies.
At 21
• C and 35
• C temperatures in Figure 7 In general the sum of squared errors (SSE) (see Table 2 ) of the fractional model are two magnitudes lower compared to the conventional model for all temperatures. This is because the fractional model better captures the continuous increase in the magnitude and is not trying to stabilise the values at high frequencies. 
Experimental displacements during thermal ablation
The HMI system and thermocouple were used to monitor the evolution of the ARF induced displacements over 60-second sonications in ex vivo liver.
The normalised (to 37 • C) and averaged peak-to-peak displacement data as a function of temperature for three different sonications are presented in Figure 9. The mean for the same data is also shown. For the first sonication the peak-to-peak amplitude decreases to a minimum value of 99% at approximately 45-50
• C after which an increase to the peak value of 110% at around
70
• C is observed. After the peak value there is a relative slow decrease to 96% at the temperature of 84 • C. Similar behaviour is observed in the case of the second sonication where the peak-to-peak displacement decreases to 99% at around 45 • C and the increases reaching a peak value of 105% at approximately 60-65 • C. After the peak value the curve decreases to 65% at 84 • C. In the third sonication the amplitude first decreases to 96% around 45 • C after which a peak value of 100% at 59
• C is reached. After the peak the minimum value of 65% at the temperature of 84
• C is measured.
It should be noted that the peak displacements occur at different temperatures in different sonications. For example at around 70 • C the amplitude has risen approximately to 110% in the first sonication whereas in the second and third sonications the amplitudes have decreased to 95% and 85%
respectively. This suggest that the time history of the displacements during HIFU therapy is an important indicator of the state of the ablation as the decrease in amplitude does not occur at a constant temperature. This effect can also been seen in the large deviation of the displacement estimates after about 60
• C where the stiffness changes due to thermal ablation has been shown to occur (Wu et al., 2001; Sapin-de Brosses et al., 2010 
Simulations of thermal ablation
The simulations of ARF induced displacements during HIFU employed the temperature dependent models described in the simulation model section with the polynomial constants for attenuation in Figure 4 and the viscoelastic parameters in Table 3 . The Poisson's ratio for both liver and lesion was set to 0.499.
The viscoelastic parameters for liver tissue were kept constant at all temperatures while the parameters for lesion were changed at 60 • C and above when the lesion started to form. In addition to the average values presented in the tables, the attenuation and elastic modulus M ∞ − M 0 of the lesion were individually changed ±25% to examine their effect on the displacements. The effect of temperature dependent sound speed and attenuation power law coefficient were also studied by changing the corresponding lesion parameters by ±0.5% and ±25%, respectively. However, no effect on the displacement was observed due to high stiffness of the lesion at various temperatures, and hence, their temperature dependence was excluded from the final simulations.
The simulated evolution of the normalised (to 35 • C) displacement amplitude with temperature during HIFU therapy is presented in Figure 10 . The average displacement amplitude starts to decrease from the initial value of 100% at 35
• C down to 95% at approximately 40-45
• C due to the changes in the polynomial attenuation of liver. After the initial decrease the amplitude starts to increase (again due to attenuation) peaking 105% at 55
At 60
• C the amplitude rapidly decreases down to 85% due to the lesion growth. Although the attenuation of the lesion is still growing at this point, In addition to the average response, the displacement amplitudes are shown by changing the attenuation and elastic modulus of the lesion by ±25%. Changing attenuation by ±25% resulted in a negligible change in displacement amplitude (less than 0.1%). Changing elastic modulus of the lesion by ±25% resulted in a small change in displacement for temperatures of 60 • C and above, but differences of approximately 2%-points were observed at 70
• C. This suggest that changes in attenuation and displacement have very little effect on the displacement amplitude, and that displacement is robust to these changes.
The growth of the lesion size with respect to the ARF field is shown in Figure 11 . At 55 • C (see Figure 11 (a)) a lesion has not formed yet but the magnitude of the ARF field has increased due to the polynomial dependence of the attenuation, which causes the displacement amplitude to increase to 105% in Figure 10 . At 60
• C (see Figure 11(b) ) the lesion has grown approximately the size of the ARF field, whose magnitude still keeps increasing, however the displacement decreases in Figure 10 due to the stronger effect of stiffness growth compared to the attenuation. At 65
• C (see Figure 11 (c)) the size of the lesion has become larger than the ARF field and the displacement in Figure 10 continues to decrease steeply as the increase in stiffness dominates the response.
In the second part of the simulation study a Monte-Carlo type approach was undertaken to determine the effect of variations in changes in the atten- amplitude with temperature during HIFU therapy in liver using the parameters from Table   3 . The values for attenuation and elastic modulus of the lesion were changed ±25% to examine their effect with respect to the average response. • C, which can be related to changes in displacement in Figure 10 . 
Discussion
This study addressed the utility of ARF induced displacements as a means of monitoring HIFU. Analysis of literature data indicated that changes in acoustic attenuation and elasticity with temperature will dominate changes in the displacement. The temperature dependence of the attenuation of liver reported in the literature was modelled using a polynomial fit which was able to capture the initial decrease in the attenuation and the subsequent rise (Damianou et al., 1997; Choi et al., 2011; Jackson et al., 2014) .
The viscoelastic properties have been reported to increase almost exponentially at temperatures above about 50 -de Brosses et al., 2010) .
DMA measurements of bovine liver were carried out in order to determine changes to the viscoelastic properties as a function of temperature. Both conventional and fractional Zener model fits to the experimental data showed changes in the viscoelastic parameters with temperature. The fractional model was found to fit the experimental data better with up to two magnitudes lower SSE when compared to conventional model, which is consistent with Kiss et al. (2004) found the fractional Kelvin-Voigt model to predict the frequency response better when compared to the conventional model. This is because the fractional model has stronger frequency dependence which better reflects the characteristics of dynamic modulus in liver.
The motivation of this study was to investigate how these changes in acoustic and viscoelastic tissue parameters affect the ARF induced displacements during HIFU therapy. For this purpose HMI was used to monitor thermal ablation with real-time temperature data collected using an embedded thermocouple in ex vivo liver. The temperature acquisition using this method has been shown to suffer from so-called viscous heating artefact (Morris et al., 2008) , which can potentially lead to an error in the measured temperature value. However, this error has been shown to be significant only during the initial few seconds of the sonication (Dasgupta et al., 2011) and with the 60-second sonications employed here the effect should be less than a few degrees along the temperature axis.
During HIFU thermal ablation the displacement amplitude was observed to decrease slightly with temperature up to 45-50 • C after which an increase to about 60-70 • C was seen followed by a steep decrease due to thermal necrosis (Wall et al., 1999; Wright and Humphrey, 2002) . Similar observations were also reported by Heikkila et al. (2010) ; Konofagou et al. (2012) who found the displacement amplitudes to increase before thermal ablation.
The initial slight decrease in the amplitude is not always reported, but has been found to occur in some cases (Konofagou et al., 2012) . The increase in displacement amplitude before necrosis could potentially be due to tissue softening at low temperatures as observed by Wu et al. (2001) in ex vivo bovine muscle, but this phenomenon has not been found in liver (Sapin-de Brosses et al., 2010) . Furthermore, the viscoelastic measurements conducted in this and other studies (Kiss et al., 2009 ) do not support this hypothesis.
The slight decrease and following increase in the displacement amplitude before thermal necrosis is therefore more likely to be caused due the behaviour of attenuation with temperature which exhibits a similar trend (Damianou et al., 1997; Choi et al., 2011) . The changes in viscoelasticity likely do not have a significant effect until the lesion starts to grow which will only occur later in the sonication.
To better understand how these different tissue properties affect the ARF induced displacements in liver a linear viscoelastic FEM model together with nonlinear acoustic simulations were used. The simulation model took into account the temperature dependent changes in attenuation, viscoelastic parameters and lesion growth. The effect of temperature dependent sound speed and attenuation power law coefficient on displacement amplitude were found to be minimal, and thus, they were left out from the simulation model.
Furthermore, the effect of thermal lensing (Connor and Hynynen, 2002) was not taken into account which could potentially shift the focal point of the ultrasound field with temperature. The magnitude of focal shift due to thermal lensing is related to the ultrasound frequency and F-number of the transducer which, for the configuration used here, should result in a few millimetre axial shift of the ultrasound focal point towards the transducer during sonication.
In practice this would mean that the lesion would slightly spread in size towards the transducer. This could potentially lead to slightly lower displacement amplitudes than shown in the simulation results due to the error in the lesion size.
The simulated displacement amplitudes in liver were seen to decrease up to 40-45 • C together with the attenuation where it reached its local minimum. The decrease in simulated displacement amplitude was observed to be approximately 5% which is larger compared to experimentally observed ∼1% average decrease. This is probably because the viscoelastic properties of liver were kept constant while only the value of attenuation was changed.
In reality, the heating of the liver in the ultrasound focal point would cause slight changes in the viscoelasticity before the ablation, which are likely to counteract the effect of attenuation changes.
After 45
• C the attenuation started to increase which also caused the displacement amplitude to increase up to 55 • C. Similar increasing amplitude was also seen in the experimental data where the peak occurred approximately at 60-70
• C. The difference in the peak location on temperature axis is probably due to different transducer configuration and therapeutic geometry between the experiments and simulations, which cause differences in the lesion size. However, the magnitude of the increase was similar in both the experimental and simulation data with both showing approximately 3-5% increase. There is a large deviation in the experimental displacement values in the 60-70 • C temperature region, which indicates peaking (and hence thermal ablation) does not occur at constant temperature. Therefore, it is important to record the whole time history of the displacement data to ascertain when the ablation occurs. Furthermore, there is a threshold in the lesion size (i.e., 240 CEM 43 • C volume) which starts to cause the decrease in the displacement amplitude, but its determination requires further research.
After 55
• C the attenuation further increased but simultaneously a lesion started to develop causing the displacement amplitude to rapidly decrease as the increasing stiffness of the lesion outweighs the effect of increasing attenuation. The decrease in amplitude was observed to be approximately 51% in the simulations while experimental data showed larger variation of 6-42% decrease.
The final simulation study considered how the displacement amplitudes behave in the situation after HIFU therapy where one large lesion or multiple small lesions are next to each other. For this purpose the typical ranges in attenuation and elastic modulus in liver were used. The regions before and after thermal ablation were found to overlap slightly, although this was partly due to the relatively high elastic modulus values found in the literature for normal liver (Righetti et al., 1999) . Furthermore, the large deviation in the attenuation coefficient also makes the two regions to overlap. When looking at the average values the simulations predicted a 30% decrease in displacement after ablation. However, the 5, 10 and 15 µm contours traverse both regions of non-ablated and ablated tissue, i.e., the blue and the red rectangles. This suggests that looking only at the changes in ARF induced displacement before and after thermal ablation is not enough to determine whether the tissue has undergone ablation, but rather the whole time history of the displacement during the ablation should be considered.
Conclusions
The effect of temperature dependent acoustic and viscoelastic tissue parameters on ARF induced displacements in liver was studied. The temperature dependent tissue properties that will most strongly affect the magnitude of ARF induced displacements were found to be attenuation and viscoelasticity. The effect of temperature dependent attenuation power law coefficient and sound speed were found to be negligible.
Experimental HMI data during HIFU ablation in ex vivo liver showed a small but detectable decrease and increase in the displacement amplitude at low temperatures below 60-70
• C followed by a more pronounced decrease due to thermal ablation. The viscoelastic simulation model, employing temperature dependent tissue parameters, exhibited similar behaviour with at-tenuation affecting the displacement amplitude at lower temperatures before thermal ablation. At higher temperatures, the lesion growth together with the exponentially increasing elastic modulus overpowered the changes in attenuation.
At temperatures above 60
• C the experimental HMI data showed large deviation in the displacement amplitude. Both experimental data and numerical simulations indicate that monitoring displacement before and after HIFU ablation is not sufficient to determine the state of ablation. Therefore, it is concluded that monitoring ARF induced displacements continuously during thermal ablation is necessary in order to ascertain when ablation occurs.
